Polymer microring resonators for low-noise, wideband ultrasound detection are presented. Using a nanoimprinting technique, we fabricated polymer microring resonators with a quality factor of 6000 resulting in high sensitivity to ultrasound. A noise-equivalent pressure of 0.23 kPa over 1 -75 MHz and a detection bandwidth of over 90 MHz at −3 dB were measured. These results demonstrate the potential of polymer microring resonators for high-frequency ultrasound and photoacoustic imaging. For a typical photoacoustic imaging test case, the high sensitivity demonstrated in these devices would increase imaging depth by a factor of 3 compared to state-of-the-art polyvinylidene fluoride detectors.
In ultrasound ͑pulse-echo͒ and photoacoustic ͑also called optoacoustic͒ imaging, high resolution is achieved using high frequencies above 20 MHz. High-frequency ultrasound imaging has been applied to intravascular imaging, 1 endosonography, 2 small animal imaging, 3 skin imaging, 4 and ophthalmology. 5 Biomedical applications of high-frequency photoacoustic imaging include microvasculature visualization, 6 functional imaging, 7 and intravascular imaging. 8 In all these works, piezoelectric transducers were used.
Small element size and spacing and large element count are essential for high resolution three-dimensional ͑3D͒ imaging. Two-dimensional ͑2D͒ arrays are required for high frame rate 3D ultrasound and photoacoustic imaging. However, the realization of such arrays using piezoelectric technology is highly restricted due to increased noise level in small elements, complexity of electrical interconnects, and fabrication difficulties. One way to avoid these difficulties is to detect and generate ultrasound optically. 9 Resonant optical ultrasound transducers ͑ROUTs͒ have been studied for decades. [9] [10] [11] [12] [13] [14] [15] [16] [17] [18] [19] Their advantages include immunity against electromagnetic interference, easier realization of large and dense arrays with element sizes of 10-100 m, high acoustic bandwidth, and element signalto-noise ratio ͑SNR͒ primarily dependent on optical probing power rather than detector size. In this letter, we focus on a ROUT platform incorporating polymer microring resonator sensor, polymer resonator for optical ultrasound detection ͑PROUD͒. 13, 18, 19 Specifically, low noise-equivalent pressure ͑NEP͒ and wide detection bandwidth of PROUD are demonstrated.
A microring resonator consists of a ring waveguide closely coupled with a bus waveguide which serves as light input and output. When the round-trip phase acquired by the guided wave in the ring is equal to 2m, where m is an integer, the field of the optical wave returning to the coupler from the ring is in antiphase with the optical wave traveling through the bus waveguide, resulting in a resonance dip in the transmission spectrum. In the presence of ultrasound, acoustic pressure deforms the waveguide dimensions and changes the refractive index of the polymer via the elastooptic effect, 20 and consequently modulates the round-trip phase acquired by the guided wave in the ring, leading to a shift of the resonance wavelength. 18 At a fixed wavelength with a high slope in the transmission spectrum ͑i.e., around a resonance dip͒, the phase modulation is transformed into amplitude modulation of the output power with high gain, and ultrasound detection is realized by detecting the optical output power. High quality ͑Q͒ factor leads, therefore, to high sensitivity.
We fabricated PROUD devices on 500 m thick silicon substrates using a nanoimprinting technique. 21 They operate at optical wavelengths around 1550 nm with polymer waveguides 2 ϫ 2 m 2 in cross section. The microrings used in the following experiments have a 100 m diameter. Optical fibers were butt coupled to the input and output of its bus waveguide using UV curable epoxy ͑Loctite 3526, Henkel Loctite Corp., Rocky Hill, CT͒ mounting. To provide better mode matching, a 10.5 m mode-field-diameter single-mode fiber was first spliced to a 4.8 m mode-fielddiameter fiber, which was then connected to the bus input to maximize the amount of light coupled into the polymer waveguide. A multimode fiber with a 62.5 m core diameter was aligned with the output of the waveguide.
The setup shown in Clara, CA͒ was connected to the device's input fiber, and the output fiber was connected to a photodetector ͑1811-FC, New Focus, San Jose, CA͒, which has a dc output gain of 1 V/ A and ac output gain of 4 ϫ 10 4 V / A with an electrical bandwidth of 25 kHz-125 MHz. The photodetector output to a digital oscilloscope ͑WaveSurfer 432, LeCroy, Chestnut Ridge, NY͒ for data collection.
Using the dc output, we measured the device's transmission spectrum, shown in Fig. 2͑a͒ , with an input power of 4.2 mW. The Q factor was estimated to be ϳ6000. The offresonance light transmission shows that only 9% of the probing light was collected by the photodetector mainly due to mode mismatch at the fiber-waveguide coupling region. The ratio can be improved with optimized device design and fabrication.
A 20 MHz unfocused transducer ͑V316, Panametrics NDT, Waltham, MA͒ with a 3.18 mm diameter was used to insonify the microring. It outputs a peak pressure of 30 kPa around its surface, calibrated using a hydrophone, 19 when driven by a 10 V peak-to-peak one-cycle 20 MHz sinusoidal wave. The acoustic coupling medium was de-ionized water. The optical probing wavelength and input power were set to 1555.51 nm and 5.5 mW, respectively. Ultrasound signals were detected by the ac output of the photodetector. Figure 2͑b͒ shows a recorded signal trace and Fig. 2͑c͒ shows the spectra of the signal and an acoustic waveform measured by the hydrophone. The ringing waveform following the main pulse signal was due to reflections within the silicon substrate, which can be removed by changing substrate materials and/or structures. Since a 30 kPa acoustic pressure produced an output voltage of 332 mV, the sensitivity of the PROUD device was 11 mV/ kPa. The rootmean-square noise levels were 1.5, 2.2, and 2.5 mV over 1-25, 1-50, and 1 -75 MHz bandwidths, respectively, and the corresponding NEPs, a measure of the minimum detectable pressure of the device, were 0.14, 0.20, and 0.23 kPa ͓=͑2.5 mV͒ / ͑11 mV/ kPa͔͒ by extrapolating the sensitivity to higher frequencies. The extrapolation is valid since all the bands are well below the −3 dB detection bandwidth of the device. Compared to the previous best result, 4 .1 kPa over 5 -75 MHz, 19 we have improved NEP by more than one order of magnitude. The same level of NEP was achieved using a Fabry-Pérot ROUT with a detection bandwidth of 20 MHz and a detector diameter of 50 m. 17 The PROUD device is 20 times more sensitive than a 75 m piezoelectric polyvinylidene fluoride ͑PVDF͒ transducer ͑HPM075/1, Precision Acoustics, Dorchester, Dorset, UK; http:// www.acoustics.co.uk/products/hpm075-1͒, which has an NEP lower bound of 6 kPa ͓=͑60 V͒ / ͑10 nV/ Pa͔͒ over a 100 MHz bandwidth considering only the noise from its matched preamplifier ͑HP1, Precision Acoustics͒. In addition, PROUD's NEP can be further reduced by coupling more detection light into a device or by increasing its Q factor.
A wideband optoacoustic source was utilized to measure the detection bandwidth of a PROUD device. A 100 nm thick chromium film was deposited onto a glass substrate. Illuminating such a film with a wide-spot nanosecond laser pulse generates a planar acoustic wave with a temporal profile duplicating that of the excitation laser pulse shape. 22, 23 The chromium film was placed 540 m from a PROUD device and was illuminated by a 532 nm pulsed frequency-doubled Nd-YAG ͑yttrium aluminum garnet͒ laser ͑Surelite I-20, Continuum, Santa Clara, CA͒ with a spot size of 4.5 mm in diameter. The acoustic coupling medium was de-ionized water. An acoustic pulse signal detected by the PROUD device and a laser pulse profile detected directly by the same photodetector are shown in Fig. 3͑a͒. Figure 3͑b͒ presents corresponding spectra together with the estimated frequency response of the device, obtained by taking the difference of the two spectra and compensating for acoustic attenuation in water assuming an attenuation coefficient of 2.2 ϫ 10 −4 dB/ cm MHz 2 . 24 The detection bandwidth of the PROUD device was over 90 MHz at −3 dB. As a reference, limited by equipment, we could only confirm a detection bandwidth of 55 MHz previously. 18 Theoretically, the bandwidth can be estimated as the frequency at which the corresponding quarter wavelength is equal to the thickness of the polymer waveguide. In this way, the response is expected to roll off at 300 MHz. To be able to measure a detection bandwidth of hundreds of megahertz, a more wideband photodetector and a more uniform and wideband planar wave are required.
PROUD's high sensitivity and wide bandwidth make it an excellent candidate for 3D photoacoustic imaging, where dense 2D arrays are required for detection of relatively low laser-generated acoustic signals with high image contrast. Wide bandwidth improves image resolution in both ultra- sound and photoacoustic imaging. Furthermore, the flat spectral response from dc to high frequencies is particularly beneficial in photoacoustic imaging. In ultrasound imaging, contrast between tissues is established by their different levels of inhomogeneity at scales comparable to the ultrasound wavelength. Large scale objects are therefore probed by their fine structure properties. On the other hand, photoacoustic image reconstruction of multiscale anatomical structures relies on sound generated at a wide bandwidth with acoustic wavelengths corresponding to the various scales of the object. PROUD's flat response from dc to 90 MHz provides a unique advantage for photoacoustic imaging.
Typically photoacoustic signals are 20 to 40 dB weaker than the ultrasound signals used in medical imaging. The high sensitivity of a PROUD device can be translated into deeper penetration for photoacoustic imaging. To quantify the expected improvement in imaging depth using a PROUD as compared to a piezoelectric detector, we analyze a case of photoacoustic detection of a small object. Assuming a frequency range of 0 -20 MHz and a 2D array of 50ϫ 50 devices, the effective NEP is 2.8 Pa using PROUD and 40 Pa using similar size PVDF piezoelectric detectors. Consider a 100 m bloodlike water-based object with an effective optical absorption coefficient of eff blood =5 cm −1 ͑typical for blood at 800 nm wavelength͒ embedded in a normal water-based tissue with an effective optical absorption coefficient of eff tissue =1 cm −1 . The peak acoustic pressure at the detector surface, generated by light absorption in the object at a depth z, is given by
where J 0 =20 mJ/ cm 2 is the surface optical fluence, R =50 m is the object radius, c = 1500 m / s is the sound speed, ␤ = 360ϫ 10 −6 K −1 is the thermal expansion coefficient, 26 C P = 4.2 kJ/ kg K is the specific heat capacity, and A =5 dB/ cm is the ultrasound attenuation in the tissue. The resulting acoustic pressure as a function of the object's depth is shown in Fig. 4 . Imaging depths ͑defined by unit SNR͒ obtained using PROUD and PVDF detector arrays are 12.6 and 3.6 mm, respectively. The depth improvement gained by using PROUD is over threefold.
To form a dense and large element-count 2D array with PROUD devices, wavelength multiplexing techniques can be used, which could drastically reduce the number of input/ output leads to address the elements. We already experimentally confirmed the feasibility of using a single bus waveguide to address four ring elements. 19 An M by N detection array may have M buses with each one shared by N rings and M N-channel demultiplexers to allow all channels to work in parallel. 18 Our current PROUD devices have limited angular sensitivity at high frequencies due to their large diameters. By designing rings to operate in the visible wavelength range, microrings with a diameter on the order of 15-20 m can be realized in theory. Smaller rings provide better angular sensitivity and enable more rings to share the same bus. Combining PROUD devices with optoacoustic transmitters such as a gold nanostruture 9 to enable ultrasound imaging is also part of the future work.
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